Abstract: Gas permeable membranes are a vital component of extracorporeal membrane oxygenation systems. Over more than half a century, membrane fabrication and packaging technology have progressed to enable safer and longer duration use of respiratory life support. Current research efforts seek to improve membrane efficiency and hemocompatibility, with the aim of producing smaller and more robust systems for ambulatory use. This review explores past and present innovations in oxygenator technology, suggesting possible applications of state-of-the-art membrane fabrication methods to address shortcomings of earlier concepts.
Extracorporeal membrane oxygenation (ECMO) is a life support method used to oxygenate blood and ventilate carbon dioxide without the need for functioning native lungs. In its simplest form, venous blood with low oxygen and elevated carbon dioxide content is withdrawn from the patient, flowed across a membrane oxygenator to exchange oxygen and carbon dioxide between the blood and a sweep gas, and then returned to the body (1, 2) . ECMO is capable of maintaining healthy organ function, allowing a patient to survive and heal from cardiopulmonary surgery, traumatic injury, infection, or inflammation of the lungs over periods of hours to weeks. ECMO is also used as a bridge to lung transplant (3, 4) , allowing patients to maintain stable blood gas levels and, perhaps equally importantly, to remain awake and ambulatory (5, 6) while awaiting a donor organ. ECMO technology has advanced considerably since the earliest development on artificial lungs began in the 1930s (7), including revolutionary and evolutionary improvements in blood pumps, tubing, gas exchangers, and surgical practices. This review will focus on the evolution of the core component of modern ECMO, the oxygenator membrane, and the future of this technology. As summarized in Table 1 , oxygenators have progressed from exposed blood films, to sandwiched parallel membrane arrays, to dialyzer-like hollow fibers, to microfluidic capillary systems that mimic the physiology of the alveoli in the native lung. All of these technologies, with their inherent strengths and weaknesses, have made vital contributions to the field of extracorporeal life support that can inform future oxygenator designs.
EARLY DEVELOPMENT OF GAS EXCHANGE MEMBRANES: 1950s-1960s
The first successful cardiopulmonary bypass was performed on a human patient in 1954 by John Gibbon, Jr. (8) . Venous blood was drained from the patient using finger cot pumps and cascaded down a rotating cylinder. The centrifugal force exerted on the blood caused it to spread into a thin film on the interior surface of the cylinder, where it was directly exposed to an oxygen-rich atmosphere, as shown in Fig. 1 ; fully oxygenated blood was returned through an arterial cannula. The product of more than two decades of development (7), the heart-lung machine was designed to provide gas exchange while open heart surgery was performed, typically lasting less than 1 h. This groundbreaking system informed much of the preliminary work in extracorporeal life support.
As had been witnessed earlier by Gibbon and colleagues, researchers seeking to develop new oxygenators found that direct exposure of blood to atmosphere, whether in a rotating cylinder, rotating disc (17) , screen cascade (18), or bubbling system (19) , would cause foaming of the blood. The foaming action led to blood trauma and loss of blood products during and following oxygenator usage (19, 20) . While brief atmospheric exposure could be accommodated during cardiopulmonary bypass, the rapid consumption of blood products and risk of arterial gas emboli during life support sessions greater than several hours generated demand for new oxygenator designs.
Seeking to eliminate the blood-gas interface in oxygenators, Clowes and colleagues performed pioneering work in the use of plastic sheets for gas transfer in a parallel plate, or sandwich, geometry (9) . Several plastic films were tested as diffusion membranes between a pure oxygen supply at 760 mm Hg and a reservoir of continuously mixed blood. One such polyethylene film, of 25 mm thickness, was capable of transferring 11.2 mL O 2 m 22 min
21
; although thinner polyethylene films were capable of higher gas exchange, contemporary manufacturing techniques produced pinhole defects that allowed oxygen bubbles to enter the blood channel (9) . Clowes later demonstrated successful oxygenation via diffusion through 25 mm thick ethylcellulose membranes in a 6 m 2 stacked parallel plate system (10), providing oxygen exchange of 14.6 mL O 2 m 22 min
. However, ethylcellulose allowed water to seep into the gas channel, and the brittle material was difficult to support mechanically. The pressure of the sweep gas was used to control the separation distance between two plates and adjust the height of adjoining blood channels, but excessive gas pressure often resulted in emboli in the blood channel. Development of hollow fiber oxygenators with extraluminal "cross-flow" of blood While contemporary artificial lungs relied on Teflon and silicone rubber in flat sheets or tubes due to availability of preexisting industrial materials, in 1969 Galletti and colleagues proposed that blood flow could be more closely controlled by machining capillary channels into the membrane sheets (21) . A parallel capillary channel pattern could be imprinted on a microporous substrate by rollers, then skinned with a 10 mm thick silicone film; such silicone-coated fabric sheets were suggested to provide mechanical strength to thin but fragile membranes (22) . Technical challenges that could not be adequately addressed at the time included maintaining the desired plate separation, which allowed blood shunting to poorly oxygenated regions, and water condensation on the microporous substrate that limited gas exchange.
In order to overcome material defects and resulting gas embolism in 76 mm thick silicone films supported by Dacron and fiberglass meshes, Kolobow and colleagues employed a hypobaric oxygen sweep gas (23) in a spiral-wound parallel plate membrane oxygenator, as shown in Fig. 2 . Blood could then leak through any membrane holes into the lower pressure sweep gas chamber, rather than allowing gas bubbles to infiltrate the blood channel. This improved the safety of the device at the cost of a decreased oxygen partial pressure gradient across the membrane; using a membrane surface area of 1.2 m 2 with sweep O 2 pressure of 500 mm Hg provided a gas transfer rate of 82 mL O 2 m 22 min 21 . Since the oxygenator did not feature fixed structural supports in the blood channel, the channel height could be dynamically varied around a mean height of 80 microns by fluctuating the sweep gas pressure, which mixed the blood and improved gas exchange when compared to static channels. Later developments enabled the coating of 13 mm silicone rubber on microporous fabric substrates to provide greater gas transfer (22) .
Despite the promising gas exchange performance of the early membranes, the manufacturing processes were not yet optimized, resulting in inconsistent performance (9) . Clinical adoption was also limited by the time consuming preparation and cleaning processes required for operation and reuse of oxygenators.
PARALLEL PLATE OPTIMIZATIONS AND THE RISE OF CLINICAL ECMO: 1960s-1970s
In an effort to produce a clinically useable membrane oxygenator, the Bramson lung was developed as a 6 m 2 parallel plate system comprised of 15 individually transfused blood channels, shown in Fig. 3 . The blood channel was enveloped by 51 mm thick reinforced silicone sheets to form concentric gas and water chambers, which oxygenated and heated the blood, respectively (24, 25) . The surrounding water chamber had the added benefit of compressing the plates to control blood channel height without requiring adjustment of sweep gas pressure.
A similar clinically scaled device, the Land eEdwards oxygenator, shown in Fig. 4 , utilized silicone copolymer membrane sheets to form a stack of 58 parallel plates with 3 m 2 total membrane area (26) (27) (28) . Blood channel height was controlled using corrugation of the membrane sheets by a grooved plastic support wafer to define 1440 capillary channels per plate, with a 3 cm blood path length (28) . Pulsatile modulation of the sweep gas pressure was used to vary the blood layer thickness between 76 and 127 mm and promote mixing. The design avoided costly and difficult assembly of small membrane sections by pleating a single large membrane sheet to form a stack of alternating blood and gas channels (26) ; multiple oxygenators could be used in parallel to form a modular life support system for larger patients. The preassembled oxygenator was also disposable, greatly simplifying setup for clinical procedures.
Due in part to the large (150-1500 mm) plate separation distances imposed by manufacturing technology at the time, Gaylor and Mockros determined that parallel plate oxygenators incorporating woven nylon mesh screens in the blood channel could surpass the performance of open blood channels (29) . While the mesh screens roughly doubled the total foreign material surface area in contact with blood, the interruption of blood flow induced turbulent mixing to greatly enhance the rate of gas exchange and reduce the required membrane area by approximately half. These features provided the advantage of smaller oxygenators with lower priming volume, while the mesh also served as a structural support to maintain the membrane plate separation. This design was employed commercially in the Travenol oxygenator, shown in Fig. 5 .
Planar parallel plate oxygenators such as the Bramson or Land e-Edwards, mesh screen-supported plate oxygenators such as the Travenol (30) , and commercial variants of Kolobow-type spiral oxygenators were of particular interest to clinicians due to their disposable nature. Rather than requiring costly and time consuming cleaning and reassembly of membranes, which had led many clinicians to continue using less expensive and easier to prepare bubble oxygenators (31), the relatively simple construction encouraged the wider adoption of membrane oxygenators.
The first successful long-duration use of ECMO to support a human patient was reported in 1972 (12), using a Bramson oxygenator to enable recovery from "shock lung," or acute respiratory distress syndrome, over a period of 75 h. Meanwhile, ECMO support of neonatal and pediatric patients was performed by Bartlett and colleagues using Land e-Edwards oxygenators, successfully treating 4 out of 13 patients (32).
HOLLOW FIBER OXYGENATORS BECOME STANDARD OF CARE: 1970s-PRESENT
The extracorporeal life support field began transitioning to the use of hollow fibers following the demonstrated success and wide availability of hollow fiber dialyzers for hemodialysis (33) , with the first large-scale hollow fiber oxygenator reported in 1971 (11) . Blood was routed through a manifold into the lumens of tens of thousands of hollow fibers with lengths of 10-18 cm; sweep gas flowed through a jacket surrounding the fibers, as shown in Fig. 6 . Mathematical models of luminal flow hollow fiber oxygenators were developed during this time to guide the design of clinically relevant oxygenators (34, 35) .
Although luminal flow hollow fibers were theoretically capable of high gas exchange due to their circular cross section and correspondingly maximized surface to volume ratio, the 200-300 mm diameter lumen, lacking surface perturbations that could induce turbulent mixing, resulted in the formation of a plasma boundary layer in contact with the membrane surface, requiring longer fibers to ensure adequate diffusion of oxygen into the blood. The hydraulic resistance, which is inversely proportional to the fourth power of the fiber lumen diameter, also imposed large blood pressure drops across the oxygenator, risking hemolysis and requiring the use of powerful blood pumps.
Coagulation issues associated with silicone hollow fibers (36) were reduced and gas transport was greatly improved by the adoption of microporous polypropylene hollow fibers (37) . The microporous structure provided open pores on the order of 1 mm in diameter for direct gas exchange between the sweep gas and blood (38) , as shown in Fig. 7 , without exposing red blood cells to the liquid-gas interface.
However, this introduced a new challenge of oxygenator wetting, in which blood plasma gradually infiltrated the micropores and greatly inhibited gas transfer. Several mechanisms were suspected of inducing pore wetting, including plasma evaporation and condensation in the cooler sweep gas (39), ultrafiltration of plasma through the micropores driven by high blood pressure (40) , and wetting of micropores by phospholipids (41) . Blood phospholipids bind non-specifically to the hollow fiber, creating a hydrophilic surface at the pore openings; plasma is then able to infiltrate the pore via capillary action, allowing phospholipids to bind further along the pore. The process continues until the entire pore is wetted and filled with plasma. The   FIG. 6 . Schematic of intraluminal blood flow hollow fiber oxygenator, adapted from Kaye (33) . The high surface to volume ratio of the hollow fiber lumens allowed high gas exchange at the expense of high resistance to blood flow through individual fibers.
FIG. 7.
Scanning electron micrograph of microporous surface of a single hollow fiber, reproduced from Kim (38) . Open pores of less than 1 mm diameter form direct channels between the sweep gas and blood sides of the membrane.
FIG. 5.
Diagram showing the mesh support structure in the blood channels of the Travenol oxygenator, reproduced from Trudell (30) . Mesh screens, shown in the inset, increased the total foreign material surface area in contact with blood, but interruption of blood flow induced turbulent mixing to enhance the rate of gas exchange and reduce the overall membrane area.
much lower diffusivity of oxygen in water compared to air results in greatly diminished gas transfer across the membrane. Although increasing the sweep gas pressure can counteract plasma wetting, it risks introducing gas emboli into the blood stream. Consequently, plasma wetting eventually necessitates the replacement of the oxygenator and reconditioning the patient's blood to the new foreign surface.
Hydraulic resistance and boundary layer formation were overcome, not through the use of larger arrays of narrower fibers, but by employing "crossflow" hollow fiber oxygenators (13) . In this design, blood flowed outside of cross-woven hollow fibers while oxygen flowed in the fiber lumens, thereby providing a larger cross sectional area for blood flow and presenting a more chaotic blood path to induce mixing.
In order to address the plasma wetting issue, Kawahito and others explored the use of microporous hollow fibers skinned with silicone rubber (42) (43) (44) (45) . The hydrophobic silicone rubber prevented passage of water into the sweep gas channel; although purely diffusive transport of gas through the silicone diminished the rate of gas exchange, it was viewed as an acceptable tradeoff for increased oxygenator longevity.
The turn of the 21 st century saw the introduction of a novel membrane material, polymethylpentene (PMP), which provided a microporous structure with a water-impermeable skin layer in contact with blood. This addressed the need to prevent plasma infiltration of pores, while presenting minimal resistance to diffusive transport of oxygen and carbon dioxide. Cross-flow hollow fiber oxygenators such as the Medos Hilite 7000LT (46) and Maquet Quadrox D (47) (shown in Fig. 8 ) were developed to bring PMP into clinical use.
The turbulent mixing and large cross-sectional area permitted by cross-flow hollow fiber oxygenators, allowing high blood flow at sub-100 mm Hg driving pressures, has also enabled a new class of specialized carbon dioxide removal devices. The Novalung interventional lung assist (iLA) (48) uses a PMP hollow fiber cartridge for pumpless extracorporeal carbon dioxide removal (ECCO 2 R) in an arterio-venous blood circuit, while the ALung Hemolung RAS (49) utilizes an integrated centrifugal pump to drive blood through a fiber bundle and reduce fluid boundary layer thickness. Both systems provide oxygenation as well as carbon dioxide removal; however, the blood flows supported are approximately 1.5 L/min for the Novalung iLA and 0.5 L/min for the Hemolung, making them less suitable for full respiratory support.
Hollow fiber oxygenators have become the standard of care for cardiopulmonary bypass and bedridden ECMO, with support of awake and ambulatory patients becoming increasingly common (50, 51) . However, improvements in reliability and ease of use are still needed to make ECMO feasible outside of specialized care centers. Despite the commercial use of immobilized heparin coatings on membrane surfaces (52), systemic anticoagulation is still necessary and increases the risk for bleeding, both internally and at cannulation sites. Oxygenator and circuit priming volumes in excess of 100 mL often require blood transfusions to initiate ECMO, especially for pediatric and neonatal patients. Additionally, the complex and fragile nature of the oxygenator and ECMO blood circuit make unassisted ambulatory ECMO a risky endeavor.
MICROFLUIDICS MIMIC NATIVE LUNGS: 1990s-FUTURE
In the native lung, red blood cells of approximately 8 lm diameter flow single-file through alveolar capillaries whose diameter can be as small as 3-5 lm, causing the red blood cells to deform and sweep along the capillary lumen (53) . These tiny physical dimensions minimize the plasma layer through which oxygen must diffuse and permit capillary lengths on the order of 1 mm. The geometry and manufacturing techniques used in hollow fiber oxygenators do not allow for such tight tolerances, with the result that their performance is limited by blood-side diffusive transport. However, the growing field of microfluidics (54) has inspired the use of soft lithography to define capillary blood channels for blood oxygenation.
Mockros and colleagues explored the theoretical benefits of microfluidic lungs to better mimic native lung physiology (14) , concluding that parallel plates or large arrays of parallel capillary channels with critical blood channel dimensions approaching 10 lm would remove the majority of blood side resistance to gas diffusion, allowing the use of sub-1 cm blood flow path lengths and priming volumes below 50 mL to supply gas exchange needs for blood flows in excess of 4 L min 21 . Proof of concept was demonstrated using small-scale devices with 100 lm thick silicone rubber membranes mechanically supported by a 280 lm thick wire mesh spanning a 5 mm wide blood channel (55) . Additional experiments demonstrated the feasibility of an open rectangular blood channel 15 lm high with a 130 lm thick membrane and integrated support columns fabricated from polydimethylsiloxane (PDMS) using soft lithography (56) . This design indicated that arbitrarily wide blood channels were possible in a microfluidic device with a single critical dimension for gas transport-blood channel heightenabling oxygenators that were more tolerant of blood clots.
Burgess et al. fabricated monolithic PDMS membranes consisting of stacked arrays of parallel capillary channels with segmental cross sections. Each capillary channel had a maximum height of 33 lm, width of 105 lm, and length of 1.8 cm; gas exchange membranes tested were 64 or 146 lm thick (15) . While the permeability to both oxygen and carbon dioxide was limited by the thickness of the membrane, it demonstrated the potential for PDMS-only capillary oxygenator arrays.
Potkay and colleagues expanded on the capillary array concept by using dramatically thinner 15 lm PDMS gas exchange membranes to enhance gas transfer (16, (57) (58) (59) ; an example of this capillary channel geometry is shown in Fig. 9 . Blood channels in these devices were 10-20 lm high, 88 lm wide, and less than 1 mm long. Meanwhile, Rochow et al. used PDMS to define the blood channels, testing both 6 lm thick microporous polycarbonate membranes or 20 lm thick PDMS for gas exchange. This enabled blood channels with 80 lm height and 500 lm width in a stackable design (60) (61) (62) . The high gas permeability of the thin PDMS membranes enabled the use of ambient air as a sweep gas, which could make dedicated pure oxygen supplies and gas mixers unnecessary.
Although individual capillary channels impose large resistance to blood flow, the use of thousands of capillaries in parallel works to overcome this effect; however, the manifolds at the blood inlet and outlet constitute the greatest source of hydraulic resistance (57) . In order to control blood shear and minimize hydrodynamic pressure drop, especially at the blood inlet and outlet, recent work from the Potkay group and Draper Lab has focused on employing branching capillary channels that closely match the branching ratios found in the native lung (63) (64) (65) (66) ; an example of this geometry is shown in Fig. 10 . The <50 mm Hg pressure drop across optimized microfluidic systems could allow the use of smaller, less powerful blood pumps, or operate in a pumpless arterio-venous circuit.
Taken together, recent developments in microfluidic oxygenator designs make them a compelling avenue for further progress in ECMO technology toward compact, wearable systems that support unassisted ambulatory patients. However, the use of monolithic PDMS structures in recent designs could have detrimental consequences. Due to the hyperelastic mechanical properties of PDMS, capillary channels must be narrow in width (500 lm or less) to avoid channel collapse or distension due to pressure differences between the sweep gas and blood. The side walls of each capillary do not contribute significantly to gas exchange, but add to the total surface area in direct contact with blood, making the narrow capillaries vulnerable to occlusion by clots (67) .
A potential solution to these challenges could be found by combining the mechanically supported parallel plate geometry of Mockros et al. (55, 56) with the sub-20 lm PDMS membranes of recent capillary oxygenators. An oxygenator incorporating these design features would benefit from the high gas permeability of plasma-impermeable solid membranes, the low blood side resistance of 10 lm channel heights, and the greater clot tolerance of centimeter-scale channel widths. Such a system would in effect be an optimized version of the parallel plate oxygenators of the 1950s and 1960s.
CONCLUSION
As the evolution of extracorporeal membrane oxygenation continues, it is becoming possible to overcome past limitations of blood-side resistance to gas exchange. PDMS thin films can be produced at less than 20 lm thickness and greatly surpass the low permeability of early polymer membranes (16, 57, 61, 62) , and modern fabrication techniques can reliably produce defect-free membranes that minimize the risk of gas embolism (47) . The stacked parallel plate blood channels used in the first clinical membrane oxygenators (24-28) can now be reproduced using soft lithography to yield sub-10 lm channel heights (56), significantly reducing plasma boundary layers. This approach allows for the use of shorter blood channel lengths with lower pressure drops and correspondingly decreased priming volume to more closely mimic the physiology of the native lungs. By revisiting membrane concepts and challenges from the 1950s and 1960s with state-of-the-art microfabrication technology, we are even closer to realizing a true artificial lung that can bridge the gap between sickness and health.
